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ABSTRACT
According to the American Cancer Society, gastrointestinal (GI) cancers are among the most
common forms of malignancies suffered today, affecting -200,000 people and causing -80,000
deaths in the United States every year. The prognosis depends heavily on the detection of early-
stage lesions. The process of endoscopic surveillance, excisional biopsy, and histologic
examination is the current gold standard for screening and diagnosis of many GI cancers. This
process, however, is invasive, time-consuming, and can suffer from unacceptable false negative
rates. Optical imaging technology that provides real-time, high-resolution imaging of human
tissue in vivo with resolution at or near that of histopathology may significantly improve
clinicians' capabilities to identify malignancies at curable stages. The ability to assess histologic
hallmarks of GI cancer at the tissue architectural and cellular levels without excisional biopsy
would be a major advance in GI cancer management.
Development of techniques to reliably image cellular and subcellular structure through
endoscopic devices is one of the most outstanding challenges in biomedical imaging today and
holds tremendous promise for surgical applications and for early diagnostic screening and
staging of epithelial malignancies. Optical coherence microscopy (OCM) is an in vivo cellular
imaging technique that combines OCT with confocal microscopy. Due to the unique feature of
using two distinct optical sectioning techniques, OCM can provide superior imaging depth in
highly scattered tissues and can overcome important imaging probe design limitations that hinder
confocal microscopy. Two novel designs for OCM systems are proposed and developed for high
resolution cellular imaging. The first uses Fourier domain optical coherence detection, and the
second implements line-field illumination and detection. Differences in performance from the
standard time-domain optical coherence microscopy systems will be studied.
Thesis Supervisor: James G. Fujimoto
Professor of Electrical Engineering and Computer Science
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CHAPTER 1 - INTRODUCTION
1.1 Optical Coherence Tomography
Optical coherence tomography (OCT) is an emerging medical imaging technology which
enables micron scale, cross-sectional and three-dimensional imaging of tissue architecture in situ
and in real time [1-3]. OCT forms cross-sectional images in scattering tissue by using a
Michelson interferometer and a broad bandwidth light source to select reflected light from a
small volume, a method known as coherence gating. Figure 1 illustrates the principle of
coherence gating used in OCT. Light from a broad bandwidth source is divided into a scanning
reference path and a sample path. The backscattered light probing the sample is recombined
with the reference path light at a photodetector to produce interference fringes. Interference will
only be seen when the reference path length matches the sample path length to within the
coherence length of the light source, which is inversely proportional to the optical bandwidth. In
other words, the interference fringes will only carry sample information at a certain depth and
hence provide optical sectioning capability. Standard OCT has an axial resolution of -10 Lm,
but ultrahigh axial resolution of 1-2 gim can be achieved using state-of-the-art broad bandwidth
laser technologies [4-7]. The optical sectioning capability of OCT is comparable to the standard
5 pm histologic section thickness. In addition, OCT performs optical heterodyne detection
similar to that used in optical communications, which enables extremely high sensitivities near
the quantum limit. Imaging depth of 1-2 mm, which is sufficient for evaluation of early
neoplastic changes in carcinomas, has been demonstrated in human GI tissues [2].
Example OCT images are shown in Figure 2. Two-dimensional cross-sectional images of
tissue are constructed by laterally scanning the optical beam and performing sequential axial
measurements of backscattered light at different transverse positions. The beam is scanned under
computer control and the resulting data set is a two-dimensional array which represents the
optical backscattering or reflection within a cross-sectional slice of the tissue specimen. This
data can be digitally filtered, processed, and displayed as a two-dimensional gray scale or false
color image. Three-dimensional images can also be constructed by acquiring a series of two-
dimensional images in a similar way as CT.
1.2 Endoscopic Optical Coherence Tomography
OCT imaging can be performed endoscopically using fiber-optic imaging catheters
introduced into the biopsy port of standard endoscopes. Endoscopic OCT (EOCT) imaging was
first demonstrated in 1997 by Tearney et al. in a rabbit's gastrointestinal and pulmonary tract.
The concept of optical biopsy and its clinical applications including screening of Barrett's
esophagus (BE) and ulcerative colitis (UC) were proposed [8]. At the end of the year, EOCT
imaging in human patients was demonstrated by Sergeev et al., showing that all layers of the
esophageal wall can be identified and disruption of the well-defined stratified mucosa is
observed in cancerous lesions [9]. Jackle et al. later described a feasibility study of EOCT
imaging in esophageal disorders, including reflux esophagitis, BE, and adenocarcinoma.
Distinct patterns of normal, inflammatory, premalignant, and malignant tissues can be identified
in OCT images [10]. A statistical study to establish the sensitivity and specificity of OCT for
diagnosing specialized intestinal metaplasia (SIM) in BE was reported in 2001. Poneros et al.
developed OCT image criteria for SIM in BE and 97% sensitivity and 92% specificity was
achieved [ 11]. Evans et al. further developed a scoring system to differentiate intramucosal
carcinoma and high-grade dysplasia (IMC/HGD) from low-grade dysplasia (LGD) and SIM,
reporting 83% sensitivity and 75% specificity for diagnosing IMC/HGD [12].
EOCT imaging in human colon was demonstrated by Rollins et al. in 1999 [13]. Feasibility
studies of EOCT imaging in colonic disorders, including hyperplastic polyp, adenoma, and
carcinoma, were later demonstrated by Jackle et al. and Pfau et al. [14, 15] Features based on
polyp organization, mucosal architecture, and light scattering were identified in OCT images to
distinguish between different lesions. Using the presence of disrupted layered structures on OCT
images as the criterion, Shen et al. reported an accuracy of 87% to distinguish Crohn's disease
from UC [16]. Familiari et al. later identified three OCT patterns for UC and the diagnostic
sensitivity and specificity achieved 100% and 69%, respectively [17]. These studies demonstrate
that OCT imaging can be readily integrated with endoscopic procedures and provides useful
clinical information.
1.3 Ultrahigh Resolution Endoscopic Optical Coherence Tomography
Figure 3 is a schematic of the ultrahigh resolution EOCT system that our group developed in
collaboration with LightLab Imaging [18]. A custom-built femtosecond Cr4+:Forsterite laser
with 180 nm bandwidth centered at -1260 nm was used to provide -4 gm axial resolution, a
three- to four-fold improvement over standard EOCT systems. Enhanced image resolution and
reduced speckle size enable ultrahigh resolution EOCT to visualize the increase of tissue
architectural heterogeneity correlated with the progression of pathology more clearly than
standard resolution EOCT (see Figure 4). A high speed depth scanner was used in the reference
arm to provide real-time imaging at 4 cross-sectional images per second. Polarization controllers
were used in both the sample and reference arms to optimize the interference strength. To match
the optical dispersion between the two arms of the interferometer to achieve ultrahigh axial
resolution, dispersion compensating glass (DCG) was inserted in the reference arm, and an air-
gap coupling (AGC) was used in the sample arm. The back-reflected EOCT signal was split into
two orthogonal polarization dependent channels by a polarizing beam splitter (PBS), and the two
detector outputs were digitally demodulated. A polarization diversity signal was obtained by
vector summation of two orthogonal channels' signals. Figure 5 shows photos of the EOCT
system as well as the imaging catheter.
Working in collaboration with Dr. Hiroshi Mashimo, MD, PhD, at the VA Boston Healthcare
System, our group performed clinical ultrahigh resolution EOCT studies [19]. Imaging was
performed by introducing the EOCT imaging probe into the endoscope working channel,
providing simultaneous endoscopic and EOCT views (see Figure 5). Figure 6 shows
representative ultrahigh resolution EOCT images of the human esophagus. Figure 6A shows
normal squamous epithelium with a characteristic layered architecture. Figure 6C shows a
representative image of Barrett's esophagus. EOCT images of Barrett's esophagus show clear
differences in architectural morphology compared to normal esophageal squamous mucosa. The
layered architecture is replaced by glandular structures and low-backscattering Barrett's glands
are observed in the mucosa with interlaced regions of high-backscattering connective tissue
corresponding to the lamina propria. Figure 6E shows a representative EOCT image of high-
grade dysplasia. High-grade dysplasia is characterized by irregular, distorted, and cribriform or
villiform glandular architecture and is more heterogeneous than non-dysplastic Barrett's
epithelium. Figure 6G shows an EOCT image of esophageal adenocarcinoma with epithelial
disruption and stromal infiltration extending from the superficially ulcerated carcinoma. EOCT
images show progressive increase in architectural irregularity from Barrett's mucosa to high-
grade dysplasia and eventually to adenocarcinoma. Overall, ultrahigh resolution EOCT images
showed good correlation with architectural morphology in histology (see Figure 6 B, D, F, H).
EOCT can also visualize the submucosa, which cannot be seen with endoscopy. Figure 7A
shows esophageal adenocarcinoma underneath benign squamous epithelium in a patient 15
months after photodynamic therapy. The irregularly backscattering adenocarcinoma is
dramatically different from normal squamous mucosa and Barrett's metaplasia. EOCT images of
adenocarcinoma show irregularly shaped and crowded glandular architecture underneath the
smooth squamous epithelium, as confirmed by histology (Figure 7B). Figure 7C shows an
EOCT image in a patient 6 months after bi-polar radiofrequency ablation therapy. EOCT reveals
squamous neo-epithelium similar to that observed from normal esophagus. However, glandular
structures characteristic of Barrett's esophagus can be seen under the smooth-appearing
epithelium. The presence of subsquamous Barrett's was confirmed by corresponding biopsy and
histology (Figure 7D). EOCT allows real-time in vivo imaging of subsurface tissue morphology
which promises to enable assessment of treatment efficacy after ablation therapy. This suggests
that EOCT could be a promising non-invasive tool in evaluation of therapy and for real time
guidance of focal ablation during follow-up endoscopy.
Despite promising results with endoscopic OCT, the technique has been limited by the lack
of sufficient transverse resolution to resolve cellular features. The transverse resolution of OCT
is typically 15-25 pm, which is about the same as the size of human epithelial cells, and thus
some clinically important features such as cell shape and nucleus-to-cytoplasm ratio cannot be
identified in OCT images. A cellular resolution imaging technique that can be integrated with
both endoscopic procedures and OCT would be an important step toward the ultimate goals of in
vivo optical biopsy and guidance of excisional biopsy.
1.4 Confocal Fluorescence Endomicroscopy
With the advances in confocal fluorescence endomicroscopy, the concept of in vivo optical
imaging diagnosis of dysplasia and cancer, as well as targeted biopsy, is becoming feasible and
promises to significantly impact clinical care management strategies [20, 21]. Due to the low
backscattering of human tissues, optical techniques in general suffer from low signal to noise
ratio and thus high speed in vivo imaging is prohibited. Confocal fluorescence microscopy
solves the problem by adding contrast agents to boost the signal level, a technique used routinely
by pathologists, and excellent in vivo images showing cellular structure have been demonstrated.
Nevertheless, it has a number of inherent disadvantages. First, the method relies on the use of
intravenous or topically applied stains, each of which has potential toxicity. Although
fluorescein is one of the few FDA approved contrast agents, studies show that a few percent of
the treated patients will suffer from nausea, vomit, and rash even with a mild dose (10% 5mL)
[22]. Justification of its use in angiography is being reexamined recently [23, 24]. Consequently,
there exists a compromise between the dosage of contrast agents, which relates to safety
consideration, and the imaging speed. Efficient and biocompatible contrast agents will resolve
the compromise, but the development is technically challenging and may not be available in the
near future. Second, achieving sufficient confocal sectioning requires high quality, high
numerical aperture (NA) objective lenses, which makes probe devices expensive and
miniaturization difficult. Use of high NA optics also limits the field of view. As a result, some
investigators have proposed using OCT together with confocal microscopy to provide a larger
field of view [25]. Combining OCT with confocal fluorescence microscopy is challenging,
however, because the two systems require entirely different light sources, optics, and detection
electronics. Last but not the least; the penetration depth is limited fundamentally. Current
penetration depth of confocal fluorescence microscopy is limited to 100-150 pm in GI tract [26,
27] and therefore can not accurately assess the basement membrane integrity for invasion of
malignant cells into the underlying supportive tissues. The ability to maintain sufficient optical
sectioning power to isolate a single layer of cells for visualization determines the penetration
depth. The sectioning power of confocal fluorescence microscopy depends solely on tight
focusing and therefore it is vulnerable to severe aberration and multiple scattering in human
tissues. Waveform modulation by adaptive optics technology is a promising method to extend
the penetration depth of confocal fluorescence microscopy. However, it not only increases the
system complexity but also decreases the imaging speed significantly.
1.5 Optical Coherence Microscopy
Optical coherence microscopy (OCM) is a derivative of OCT which can extend the
transverse resolution to achieve cellular level resolution [28, 29]. Figure 8 depicts the key
difference between OCT and OCM, which leads to distinct system designs. OCM uses optics
with a higher numerical aperture, usually around 0.3-0.4, to focus the light to small spot size onto
the sample and achieve a transverse resolution of -1-2 gm. The defocusing effect, however, is
much more severe, and the effective imaging range (green box) is limited to -20 gm around the
focus while that of OCT is on the order of millimeters. To overcome the depth of field
restriction imposed by high NA focusing, OCM uses 2D raster scanning to generate an en face
view. Instead of a depth scanner, a phase modulator is used in the reference arm to generate
interference signals. Figure 9 shows a schematic of the high speed OCM system published by
Aguirre et al. in 2003 [29]. In vivo imaging at 4 enface views per second with -2 p.m transverse
resolution and -3 p.m axial resolution was demonstrated. The results are significant because they
show that in vivo cellular level imaging is possible using a modified implementation of OCT.
The use of coherence gating to perform depth sectioning enables use of lower NA microscope
optics compared to other in vivo microscopy techniques such as confocal microscopy, which
makes OCM more suitable for endoscopic imaging.
During the past few years, our group made significant advances to enable clinical
applications of OCM. Previous OCM systems were difficult to use outside the laboratory due to
system complexity. Using theoretical modeling and experimental studies, we developed
compact laser sources for ultrahigh resolution OCT and OCM using commercially available
femtosecond lasers and continuum generation in highly nonlinear optical fibers [30, 31]. These
light sources provide axial coherence resolutions of <5 pm and are suitable for use in the clinic.
For OCM imaging, a compact femtosecond laser at 1060 nm wavelength was incorporated into a
novel fiber-based system using a broadband electro-optic phase modulator and novel dispersion
control techniques (see Figure 10). A computer interface controls the system, including a fiber-
optic scanning confocal microscope. The design also incorporates an active reference arm path
length control, which is used for rapid, automated coordination of the optical coherence gate with
the focal plane. This feature compensates for optical path length fluctuations from tissue
heterogeneity. The control algorithm is analogous to auto-focusing strategies used in modem
digital cameras, and ensures optimal image quality during real-time imaging.
Figure 11 highlights the ability for OCM to visualize cellular structure important for cancer
detection. Images were acquired with <4 pm axial and <2 pm transverse image resolutions over
a field of view of 400 ptm x 400 ptm at a frame rate of 2 frames/second. OCM images of
squamous epithelium from the normal human esophagus ex vivo show cellular level resolution
with expected variations in cell size, organization, and nuclear-to-cytoplasm ratio with depth.
Figure 12 shows OCM images of lower GI pathologies for comparison with the normal colon
(A,D). The dysplastic adenomatous polyp in (B,E) exhibits elongated, elliptical-shaped crypts
with thickened epithelium, while the colonic adenocarcinoma in (C,F) shows highly irregular
glandular morphology and highly scattering foci of nuclei in a heterogeneous stroma. Results
from these studies demonstrate that cellular resolution provided by OCM generates
complementary information to ultrahigh resolution OCT and has the potential to dramatically
improve the ability for early cancer detection.
OCM can be readily combined with OCT to enable imaging of architectural as well as
cellular features. A combined OCT and OCM system requires that the magnification of the
optical imaging probe be variable, similar to the way in which a conventional bench microscope
has an objective turret for variable magnification. With ongoing advances in miniaturized optics
and variable focus lens technology, it is feasible that OCT and OCM will be available in one
endoscopic units in the near future.
1.6 Scope of the thesis
The theme of this thesis is the development of OCM technologies for in vivo cellular
resolution imaging. Two novel designs for OCM systems are proposed and developed. The first
uses Fourier domain optical coherence detection, and the second implements line-field
illumination and detection. Differences in performance from the standard time-domain optical
coherence microscopy systems will also be studied.
Chapter 2 starts with a brief introduction of Fourier-domain OCT and Fourier domain mode
locked (FDML) laser. Fourier-domain OCT using FDML laser as the source has achieved record
high speed OCT imaging at 370,000 axial scan per second [32]. The advances in imaging speed
not only greatly improve the tissue coverage, but are key to enabling in vivo 3D-OCT. 3D-OCT
promises to be a powerful technology because it enables new visualization and processing
techniques. The chapter goes on to describe a newly developed OCM system which is termed
swept source OCM (SS-OCM) and presents a summary of imaging results. Different from most
of the OCM investigations performed to date, SS-OCM uses the Fourier-domain detection
method and FDML laser. The results are significant because they show that cellular level
imaging is possible using Fourier-domain OCT methods. This simplifies the optical design for
the OCM system at the expense of increased complexity in the detection electronics and the need
for increased computing power. Because of the high computing load required for swept-source
OCM, real-time display is difficult to achieve. To address this issue, an analog demodulation
scheme that might enable real-time display is proposed.
Chapter 3 discusses development of another new technology for OCM, termed line-scan
OCM (LS-OCM). The chapter will start with a description on the image formation theory of LS-
OCM. LS-OCM is a variation of full-field OCM, which has been widely investigated in recent
years due to its simplicity and low-cost [33-36]. Compared with full-field OCM, LS-OCM
implements line illumination and detection to reduce incoherent scattered light and pixel cross-
talk and therefore has higher sensitivity to achieve cellular imaging in highly scattered tissues.
The chapter goes on to describe the imaging system and presents a summary of imaging results.
The results are significant because they show that cellular level imaging is possible using the
OCM system with a single-axis scanning. The development of high performance, miniaturized
single-axis scanning devices may prove less challenging technologically than the two-axis
scanners required by time domain OCM and SS-OCM, and therefore LS-OCM may facilitate the
development of endoscopic OCM. It follows to discuss the modulation / demodulation scheme
and the selection of camera as well as the optical design, which determines the performance of
LS-OCM. The chapter ends with a preliminary comparison of standard time domain OCM, SS-
OCM, and LS-OCM. Finally, chapter 4 summarizes the results and discusses future work.
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Figure 1. Schematic illustrating the principle of coherence gating. A Michelson
interferometer is used to combine light from the sample with light passing through
a scanning reference path. For broadband light sources, interference is seen only
when the reference path length matches the sample path length to within the
coherence length of the light source.
Figure 2. Description of the formation of an OCT image. The backscattered
intensity (red curve) is mapped as a function of depth. A 2D cross-sectional
image is formed by laterally scanning the optical beam on the sample. A 3D
volumetric image can also be generated by stacking a series of 2D images in a
similar way as CT.
Sample
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Figure 3. Schematic of endoscopic OCT system using broadband Cr4+:Forsterite
light. Accurate dispersion matching is achieved with an air-gap coupling (AGC)
and dispersion-compensating prisms (DCG); enabling broadband, high-resolution
operation. High speed delay scanner enables real-time, in vivo imaging at 4
frames per second. Figure is modified slightly from [18].
Figure 4. Comparison of ultrahigh and standard resolution OCT images of a
biopsy specimen of Barrett's esophagus ex vivo. (A) Standard resolution OCT
image with 4x enlargement in (B); (C) Ultrahigh resolution OCT image with 4x
enlargement in (D). Ultrahigh resolution OCT image shows reduced speckle size
and visualizes fine morphological features more clearly than standard resolution
OCT. Figure is modified slightly from [19].
II)
Figure 5. Photographs of (A) the endoscopic OCT system, (B) a fiber-optic
imaging catheter in an endoscope working channel, and (C) an endoscopic view
during the imaging procedure.
Cancer Progression
Figure 6. Ultrahigh resolution EOCT images of the human esophagus. (A)
Normal squamous epithelium with a characteristic layered architecture. (C)
Barrett's esophagus. The layered architecture is replaced by glandular structures.
(E) High-grade dysplasia characterized by irregular, distorted, and cribriform or
villiform glandular architecture and is more heterogeneous than non-dysplastic
Barrett's epithelium. (G) Esophageal adeno-carcinoma with epithelial disruption
and stromal infiltration extending from the superficially ulcerated carcinoma. (B,
D, F, H) Corresponding pinch biopsy histology to OCT images (left). Figure is
modified slightly from [19].
Figure 7. Ultrahigh resolution EOCT can visualize the submucosa which cannot
be seen with endoscopy. (A) Esophageal adeno-carcinoma underneath benign
squamous epithelium. The EOCT image shows irregularly shaped and crowded
glandular architecture underneath the smooth squamous epithelium, later
confirmed by histology (B). (C) Subsquamous Barrett's esophagus. OCT reveals
squamous neo-epithelium similar to that observed from normal esophagus.
However, glandular structures characteristic of Barrett's esophagus can be seen
under the smooth-appearing epithelium. (D) is the corresponding histology.
Figure is modified slightly from [19].
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Figure 8. Schematic illustrating the main difference between OCT and OCM
imaging. OCT systems operate with low numerical aperture optics to preserve
transverse resolution over the whole imaging range. In contrast, OCM systems
use high numerical aperture optics to provide small focal spot sizes, enabling
cellular resolution imaging. The transverse resolution at the focal plane is much
higher than OCT, but degrades rapidly at planes out of focus. Consequently, 2D
raster scan which generates en face images is used in OCM as opposed to the
depth priority scan used in OCT.
i
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Figure 9. Schematic of the first high speed OCM system for in vivo cellular
imaging. A high speed, dispersion-managed grating phase modulator was used in
the reference arm to achieve real-time imaging. High-speed OCM attains cellular
resolution images as a complement to high-speed OCT. Figure is modified
slightly from [29].
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Figure 10. Schematic of the 2nd generation high-speed OCM imaging system. A
1 m length of high NA germanium-doped optical fiber (UHNA3) is used to
broaden the spectrum from the oscillator and provide <4 ptm axial resolution. The
system operates at 1060 nm center wavelength using a broadband electro-optic
waveguide phase modulator (EOM). Figure is modified slightly from [37].
Figure 11. Progression of cellular architecture with depth in the stratified
squamous epithelium of the esophagus. Image depths for (A) thru (F) are: 30, 90,
180, 210, 300, 330 um, respectively. Expected increase of nuclear-to-cytoplasm
ratio with depth is apparent. The ability to identify changes in cell size, shape,
and nuclear-to-cytoplasm ratio promises to improve differentiation of dysplasia
and cancer. Figure is modified slightly from [37].
Figure 12. OCM visualizes differences between normal epithelium, dysplastic
adenoma and adenocarcinoma in human colon ex vivo. (A) Normal epithelium.
(B) Dysplastic adenoma. Crypt elongation and irregularity with hyperscattering
nuclei are apparent. (C) Adenocarcinoma. Loss of crypt organization,
heterogenous glands, and dense stroma can be clearly identified. D-F:
Corresponding histology. Figure is modified slightly from [37].
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CHAPTER 2 - Swept Source Optical Coherence Microscopy
2.1 Confocal Based Optical Coherence Microscopy
As described in chapter 1, OCM is a derivative of OCT which can improve the transverse
resolution to achieve cellular level resolution. Swept source OCM, as well as time domain OCM,
combines coherence-gated detection of OCT with fiber-based confocal microscopy to provide
enhanced cellular resolution imaging in highly scattering tissues compared to confocal
microscopy alone. Coherence-gated detection can also provide improved contrast compared to
reflectance-based methods. The weakly backscattered signal is amplified optically by the
heterodyne detection method.
Confocal based OCM has the unique advantage of using two distinct optical sectioning
techniques - confocal gating and coherence gating. The confocal point spread function is
entirely determined by the sample arm optics, and in particular, the numerical aperture of the
final objective lens. The coherence gate, however, is determined by the light source bandwidth.
The degree of confocal rejection of unfocused scattered light can be varied by changing the
numerical aperture of the objective lens, while the amount of coherence gated sectioning can be
varied by changing the bandwidth of the light source. The addition of high sensitivity
coherence-gating to confocal detection not only strengthens the overall optical sectioning power
but also makes it more robust to aberration and multiple scattering. It can extend the imaging
depth in scattering media, providing an increase in imaging depth in scattering tissues of 30-50
% over confocal microscopy [1, 2].
The use of multiple optical sectioning techniques also allows considerable flexibility in
system design for achieving high-resolution cellular images. In one limit, high NA optics can be
used to produce very thin confocal tissue sections, while relatively weak coherence gating can be
added to improve rejection of unwanted light. Figure 1 depicts the concept. The red curve is the
point spread function of a fiber confocal microscope using a 1.3 pm light source, SMF28 fiber,
and 0.95 NA objective [3]. Due to the effect of finite aperture, the wing rises and lowers the
image contrast. As shown by the black and blue curves, it is clear that adding the coherence
gating helps reject the unwanted, out-of-focus scattered light.
In the other limit, broad bandwidth light sources as used in ultrahigh resolution OCT can
provide thin optical sectioning via coherence gating, and the confocal sectioning can be relaxed
to facilitate development of miniaturized imaging devices. Figure 2 compares the confocal axial
and transverse imaging resolution as a function of the numerical aperture of the probe optics to
demonstrate this operating limit for OCM. A close inspection of confocal microscopy shows
that the transverse resolution scales as 1/NA, while axial resolution scales as 1/NA 2, meaning
that there exists a region of medium NA where the transverse resolution is sufficient for cellular
imaging, but the axial resolution is not. Addition of a short coherence gate to provide extra axial
sectioning can therefore make cellular imaging possible with much lower NA than is necessary
for confocal microscopy alone.
2.2 High Speed Swept Source Optical Coherence Tomography
Within the past 5 years there have been dramatic advances in OCT technology which enable
10 to 100 fold increases in imaging speed [4-6]. These advances greatly improve the
performance of OCT and are key to enabling in vivo 3D-OCT. 3D-OCT promises to be a
powerful imaging tool because three-dimensional volumetric data sets will enable virtual
manipulation of tissue geometry for the visualization of structural morphology and improved
processing techniques to reduce speckle and enhance contrast.
The key to recent advances in OCT imaging speed is the use of new OCT detection methods,
known as Fourier-domain detection, that can achieve higher detection sensitivity by measuring
backscattered light in the frequency domain [4-7]. Conventional OCT directly measures the
interference signal, while Fourier-domain OCT measures the spectrum of the interference signal.
The OCT axial scan is then constructed by Fourier transformation. While this requires spectral
measurement and signal processing, it has the advantage that all of the echoes of light are
measured simultaneously, rather than sequentially as in conventional OCT detection techniques.
Several groups working independently demonstrated in 2003 that Fourier-domain detection
enables 10 to 100 fold improvements in detection sensitivity, which enables corresponding
improvement in the imaging speed [4-6].
Fourier-domain OCT can be performed using two complementary techniques, known as
Spectral / Fourier-domain OCT [8-16] and swept source / Fourier-domain OCT [17-24].
Spectral / Fourier-domain detection uses a spectrometer and high speed, line scan camera to
measure the interference spectrum. Spectral / Fourier-domain OCT typically operates at 800 nm
wavelengths with 29 kHz - 75 kHz axial scan rates [9, 10]. This technology has had a powerful
impact on ophthalmic OCT imaging because it enables ultrahigh resolutions as well as 3D-OCT
imaging of retinal pathologies [14-16]. In contrast, swept source / Fourier-domain OCT uses a
frequency-swept laser light source and a photodetector to measure the interference spectrum.
Figure 3 illustrates swept source / Fourier-domain detection. Frequency swept light that is
backscattered from the sample is interfered with light that travels a fixed reference path delay.
The intensity output of the interferometer oscillates at a beat frequency which is related to the
path difference. Axial scan measurements of backscattering versus delay are measured by
Fourier transforming the interferometer output. Swept source / Fourier-domain OCT technology
has the advantage that it can perform imaging at longer wavelengths of 1000 nm and 1300 nm.
Imaging at these wavelengths is important because it reduces optical scattering and improves
image penetration depths [25]. Swept source OCT was first demonstrated in 1997 [17, 18], but
high speed imaging with an axial scan rate exceeding 10 kHz was not demonstrated until 2003
by Yun et al. [20]. Lately, Huber et al. developed a new class of frequency-swept laser source
and further pushed the axial scan rates to 370 kHz, -100 times faster than standard OCT [24].
2.3 Fourier-domain Mode-locked Lasers
Frequency swept laser light sources are a key technology for swept source / Fourier-domain
OCT. The laser sweep rate and tuning range determine the OCT imaging axial scan rate and
axial resolution, respectively. Previously, swept lasers using a tunable filter with a diffraction
grating and rotating polygon mirror achieved sweep rates of 15.7-115 kHz [20, 22]. Our group
recently developed a new frequency swept laser technology, known as Fourier-domain
modelocking (FDML), that overcomes fundamental limitations in sweep rate present in
conventional swept lasers, enabling record OCT imaging speeds and performance [23, 24].
Higher acquisition speed enables increased field of view, high volumetric sampling densities,
and reduced motion artifacts to enable in vivo 3D-OCT imaging.
Figure 4 shows a schematic of an FDML laser. The laser consists of a long optical fiber, a
semiconductor optical amplifier (SOA) gain element, a tunable filter (fiber Fabry-Perot tunable
filter FFP-TF) and optical isolators to produce unidirectional operation. The length of the optical
fiber, typically 1 to 5 km coiled on a compact spool, determines the roundtrip propagation time
of the light. The laser output is extracted using an optical fiber coupler. FDML lasers are
compact, robust, contain no free-space components, and are significantly lower cost than
femtosecond lasers. FDML lasers achieve improved performance compared to conventional
swept lasers by synchronizing the sweep rate of the tunable filter to the roundtrip time of the
light in the laser. The tunable filter is driven through one tuning cycle in exactly the same time it
takes for the light to travel once around the cavity. Each frequency within the sweep is then
transmitted again by the tunable filter. This occurs repetitively such that the entire sweep is
essentially stored in the laser. The laser light at different frequencies does not have to build up
from background emission, as in conventional frequency swept lasers [26] and therefore the
tuning rate can be increased without sacrificing performance. This synchronous operation gives
FDML lasers excellent stability and noise performance and enables high sweep rates over broad
tuning ranges with high output powers.
2.4 Swept Source Optical Coherence Microscopy
In this chapter, we demonstrate a novel OCM system which uses swept source / Fourier-
domain detection, termed swept source OCM. The method is, in essence, swept source OCT
with high numerical aperture optics. As such, it provides full three-dimensional volume
acquisition within the confocal gate, which will allow multiple en face sections to be taken
around the focal plane. The volumetric scan should make possible new approaches to
compensate for shifts between the confocal and coherence gate and may enable volumetric as
well as single slice cellular imaging. Since the technique shares the same principle as 3D-OCT,
it will also facilitate combined, state-of-art OCT and OCM imaging systems. Compared with
previous implementations of time-domain OCM, swept-source OCM offers simplification in
reference arm optical design at the expense of increased complexity in the detection electronics
and the need for increased computing power.
2.4.1. Motivations
Traditionally, OCM is implemented with time domain detection, which allows high speed en
face imaging in order to eliminate motion artifacts [27-30]. However, time domain systems have
a number of features that make the optical system complex. First, a rapid phase modulation
scheme in the reference arm is required. Several methods have been proposed, including rapid
scanning optical delay lines [29], electro-optic modulators [31, 32], and acousto-optic
modulators [33, 34]. All methods require sophisticated optical designs and specific issues, like
dispersion compensation and polarization control need to be carefully addressed. Second,
coordination between the coherence gate and confocal gate is critical to ensure optimal image
quality in highly scattered tissues. Due to the inhomogeneous nature of tissues, the matching
between the two gates generally can not be set a priori without real time measurement. In
addition, when a fiber based endoscope system is used, any unintentional stretch or stress to the
fiber can introduce gate mismatch and degrade the image quality. Therefore, a feedback loop
and a fast coordination algorithm are required to maintain optimal image quality during the
imaging period. Finally, due to the limited field of view, usually a few hundred gm, OCM itself
can suffer from sampling error in clinical studies. One solution to this limitation is to use OCT
for large scale survey and to conduct OCM only in the regions where abnormalities are detected
using OCT. An imaging modality which incorporates high speed OCT and OCM is thus
desirable.
Recent work has shown that spectral / Fourier-domain detection enables OCT imaging with
dramatically improved speed and sensitivity over conventional time domain detection [4-6].
Spectral / Fourier-domain OCM has also been investigated [35-37]. Different from time domain
OCM, which acquires only a single en face image, spectral / Fourier-domain OCM generates an
image by acquiring an entire 3D volume and rendering the en face plane. OCM and OCT using
spectral / Fourier-domain detection has the advantage of sharing the same optics in the reference
arm, which makes integration of the two techniques relatively straightforward. In addition,
spectral / Fourier-domain detection measures optical signals from all depths simultaneously and
therefore the need for coherence and confocal gate coordination is significantly relaxed. An en
face OCM image at a depth matched to the confocal gate can be digitally extracted from the
entire 3D dataset. Similarly, a confocal image with reduced speckle can be generated by
summing the dataset in the axial direction.
Swept source / Fourier-domain detection has similar advantages to spectral / Fourier-domain
detection, but does not require a spectrometer and line scan camera and therefore has higher
detection efficiency and higher imaging speed. As mentioned in section 2.3, FDML lasers are
especially promising for high speed OCT imaging [23, 24]. Axial scan rates up to 370 kHz have
been demonstrated [24] and could provide OCM frame rates of >4 Hz with 300 x 300 pixels,
which is comparable to high-speed time domain OCM and is sufficient to eliminate motion
artifacts for in vivo imaging.
2.4.2. System setup and characterization
The FDML laser used in the study has an axial scan rate of 42 kHz, a bandwidth of -90 nm
centered at 1290 nm and an output power of -12 mW. Figure 5A is the spectrum of the laser and
figure 5B shows the measured axial point spread function on a log scale at the depth of-450 tm,
which is typically the deepest penetration depth of the OCM system while preserving reasonable
image quality in highly scattered tissues. The dynamic range is higher than 50 dB within this
depth range. Different from time domain system, dynamic range is as important as sensitivity a
parameter for swept source OCM system performance evaluation. Since light backscattered
from all axial positions of the sample is detected simultaneously in Fourier-domain techniques,
cross-talk between signals from different depths can occur. When there is a strong signal at a
given depth, amplitude noise from the light source generates noise in the fringe signals, which
then generates an elevated noise floor over the entire scan range [24]. When superficial structure
is of interest, carefully tilting the sample to minimize the specular reflection is then necessary.
Figure 6 is a schematic diagram of the swept source OCM system. 3% of the laser power is
coupled to an optical spectrum analyzer (OSA) for monitoring the spectrum and a Mach-Zehnder
interferometer for recalibration of time to optical frequency. The recalibration is necessary
because the FDML laser does not sweep linearly in frequency. The other 97% of the laser power
is then split equally and delivered to a reference arm and a sample arm. A polarization controller
and a neutral density filter wheel are used to set the reference arm power to obtain the optimum
sensitivity performance. Although the types of glasses in the objective lens are unknown, the
dispersion in the sample arm is partially balanced in the reference arm by use of SFL6 and can be
compensated numerically as described in reference [13]. The sample arm has a scanning
confocal microscope with a pair of closely spaced galvanometer-driven mirrors (Cambridge
Technology, Model 6210 Optical Scanner with 3mm aperture protected silver mirror), a pair of
relay lenses (Thorlabs achromats, f1 = 75mm,f2 = 100mm), and a 63X water-immersion objective
(Olympus, Achroplan, Infinity corrected, NA=0.9, WD=2.0 mm). Of note, the objective has
high loss of 55% at this wavelength and the incident power on the sample is reduced to 1.5 mW.
The measured sensitivity is higher than 98 dB. The back aperture of the objective is
intentionally underfilled such that the effective NA is -0.35. This provides a good compromise
between transverse resolution and depth of field, such that a series of high quality, coherence
gated en face images can be extracted from the 3D dataset. The excess laser noise is cancelled
by dual-balanced detection. The control software is developed in Labview with the processing
core developed in C.
The confocal gate is measured to be -20 ýtm (red line in Figure 7A) by blocking the
reference arm and recording the dc photodetector signal while translating a mirror in the sample
arm around the focus. The confocal gate is asymmetric, suggesting that the objective lens still
has achromatic aberration. The coherence gate is measured to be -8 p.m (black line in Figure
5A), which is slightly larger than the theoretical value and is the result of the non-Gaussian
spectral shape, nonlinear sweep speed, and the frequency calibration errors as described in
reference [23].
Figure 7B shows the transverse resolution and the field-of-view of the microscope system.
The smallest elements measuring 2.2 gm in width on the USAF 1951 resolution target can be
clearly visualized. The e2 radius was estimated to be 1.6 to 1.8 pm over a 220 pm x 220 p.m
field-of-view using an edge-scan measurement method [38]. The field-of-view is about 20%
smaller than expected due to the close-coupled scan design. To obtain a symmetric field-of-
view, center of the scanner pair is imaged onto the pupil plane, leading to imperfect pivot for
both axes. With the pivot error, the beam clips on the limiting aperture of the objective and
vignetting effect limits the field-of-view to a smaller value.
2.4.3. Imaging results
All OCM images presented in this chapter are white-on-black and in linear scale. Figure 8A
shows an in vivo volumetric image of a Xenopus laevis tadpole, a commonly used model
organism in developmental biology specimens. The 3D dataset is post-processed to generate a
series of en face images at different depths near the focal plane. Three representative en face
images -12 p.m apart in depth are shown in Figure 8B, 8C, and 8D. Degradation of transverse
resolution from image C to D is apparent due to the finite depth of field with -0.35 NA. The
ability to generate images at different depths covering the entire focal range within one
acquisition circumvents the need of online coordination between coherence gate and confocal
gate. In contrast, for time domain OCM, only one en face image is acquired at a time and
therefore precise control of the position of the coherence gate is required to ensure optimal image
quality. Figure 9 is a cartoon which demonstrates the concept.
Figure 10 presents additional in vivo cellular images of a Xenopus laevis tadpole. Images A
and C are two en face images acquired when the focus is set at -200 pm and -400 tm below the
surface. Image size is 256x256 pixels over the field of view of -220 Im x 220 lm. Nuclei and
cell membranes can be clearly visualized in both images. Cytoskeletons can also be identified in
image C. Images B and D are generated by summing the 3D dataset in the axial direction.
Because the coherence gate is shorter than the confocal gate in this study, the images resemble
those taken by a confocal microscope, but with reduced speckle. In contrast to standard confocal
microscopy, these images were acquired using a relatively low NA and long confocal gate.
Obscuration of detailed cellular structures and loss of contrast are evident, indicative of the
insufficient rejection of out-of-focus scattered light by the confocal gate alone. Figure 11 shows
swept source OCM images and H&E stained histology of a fixed rat kidney, demonstrating the
capability to image in highly scattered biological samples. Images A and B are acquired when
the focus is at -40 [m and -120 pm below the surface, respectively. The cell lining along the
kidney tubules is readily visible and small regions of bright reflectivity, consistent with nuclei,
can also be observed in the images.
The ability to generate high quality cellular images in human tissue with the system is
demonstrated in Figure 12. Image A is a swept source OCM image of a normal human colonic
mucosa taken at -100 pm below the surface while image B is H&E stained histology. The
sample was preserved in phosphate-buffered saline (PBS) and imaged within -6 hours of
excision, then fixed and processed for histology. Normal colonic mucosa shows the presence of
round crypts with goblet cells inside epithelium lining the lumen. In addition, the lamina propria
houses many lymphoid cells. All features mentioned above can be clearly resolved in the swept
source OCM image. Figures 12C and 12D are images of a different region at -100 pm and -150
gm below the surface, respectively. A decrease of lumen size over depth is apparent and detailed
structures like goblet cells and lymphoid cells can still be easily identified deep in the tissue.
Figure 13 presents a series of confocal as well as OCM images in fixed rat kidney acquired
when the focus is at -40 gm, -80 gm, and -120 gm below the surface. The addition of the
coherence gating helps reject the unwanted, out-of-focus scattered light and hence the image
contrast in OCM images is higher and cellular details can be delineated more clearly. Figure 14
presents a series of confocal as well as OCM images in human colon ex vivo acquired at different
focal depths. At each focal depth, a series of OCM images with different path length differences
from the focus are shown. Degradation of transverse resolution with path length differences is
apparent due to the finite depth of field with -0.35 NA focusing. The ability to generate images
at different depths covering the entire focal range within one acquisition circumvents the need of
online coordination between coherence gate and confocal gate. Figure 14 also suggests that the
quality of confocal gated images degrades much faster than coherence gated images as a function
of focal depth, which is a consequence of coherence gate's better resistance to aberration and
multiple scattering.
In summary, the feasibility of swept source OCM using a FDML laser is demonstrated. 3D
cellular imaging is presented in Xenopus laevis tadpoles, rat kidney, and human colon with
resolution of 1.6 jpim x 8 gim (transverse x axial), 220 gm x 220 gim field of view, and sensitivity
higher than 98 dB. The imaging speed is currently limited at -0.7 fps by the data acquisition and
processing hardware, but has the potential to be significantly increased, enabling in vivo imaging
and real-time display. To fully utilize the laser's high sweep rate and dynamically display an en
face image of interest, an analog demodulation scheme should be developed so that the digital
processing requirements can be minimized. Unfortunately because of the nonlinear frequency
sweep of the FDML laser, a simple band-pass filter is not sufficient to demodulate a particular en
face image from the 3D dataset. However, matched filter approaches should be possible and
promise to enable very high demodulation speeds. Toward improving resolution, we have
recently developed FDML lasers with tuning ranges of -170 nm using specially matched SOAs.
This suggests that axial resolutions can be improved to -5 gm, which is comparable to the
thickness of standard histological sections.
2.4.4. Discussion and Summary
Swept source / Fourier-domain OCM has several advantages compared to time domain
OCM. First, it more easily enables integration with high speed OCT. An imaging modality which
can be easily switched between high speed OCT for large scale survey imaging and OCM for a
detailed cellular level examination would be a powerful modality for optical biopsy and facilitate
clinical studies. Second, coordination of the confocal and coherence gates is not necessary since
a stack of coherence-gated images which cover the entire focal range is acquired simultaneously.
Swept source / Fourier-domain OCM also has the advantage of reduced system complexity.
Rapid phase modulators in time domain OCM system and spectrometers in spectral / Fourier-
domain OCM are not required in swept source / Fourier-domain OCM. Importantly, and in
contrast to OCT, there is no inherent sensitivity advantage of Fourier-domain OCM compared to
time domain OCM. The extremely high data rates necessary to acquire an entire volume with
Fourier-domain OCM result in reduction of pixel exposure / dwell time for any given pixel in the
enface image, which effectively negates the sensitivity advantage.
Although the data rate of Fourier-domain OCM is higher than time domain OCM, the frame
rate for an en face image at a particular depth is limited either by the camera readout rate or the
laser sweep rate respectively. Unlike standard swept laser sources, the FDML laser can operate at
extremely high speeds and therefore enables high speed, swept source / Fourier-domain OCM.
FDML lasers overcome limitations of sweep speeds which are present in standard swept lasers
and unprecedented high sweep rates up to 370 kHz have been demonstrated with a buffered
configuration. At these speeds, >4 Hz frame rate can be supported and motion artifacts for in
vivo imaging can be minimized. However, the high data rates of 3D volumetric imaging require
advanced high-speed data processing solutions in order to perform real-time display. In terms of
realtime processing and display, time domain OCM approaches are therefore currently easier to
implement.
2.5 Analog Demodulation Scheme for Real-time Display
As mentioned in the previous section, the current swept source OCM system lacks real-time
display. The problem mainly comes from the fact that FDML laser has a nonlinear sweep in
frequency. As described in section 3 and depicted in figure 3, there is a unique correspondence
between path difference and interferometric signal beat frequency if the laser sweeps linearly in
frequency. In that case, an analog band-pass filter is sufficient to demodulate a particular enface
image from the 3D dataset.
There are two causes for the nonlinear sweep. First, in order to maximize the sweep rate, a
sinusoidal waveform is used to drive the FFP filter. Second, it is the wavelength that changes
linearly with the etalon spacing, not the frequency. Therefore, we still have nonlinear frequency
sweep even if the driving waveform for the FFP filter is linear. Figure 15 shows a typical
interferometric signal with a single reflector. Due to the nonlinear sweep, the beat frequency
changes as a function of time and hence it no longer has one-to-one correspondence with the path
difference. Nevertheless, a close inspection reveals that zero beat frequency is unique because it
can only be generated when there is no path difference. A low-pass filter can thus do a good job
to extract the enface image from the plane whose path length matches that of the reference arm.
Working around the zero beat frequency, however, is susceptible to noises such as 1/f
detector noise. A way to circumvent the problem is to take advantage of the recalibration
interferometer. Figure 16 is a suggested schematic of a dual interferometer setup with a common
reference arm. Here a Michelson, instead of a Mach-Zehnder, interferometer is used as the
recalibration interferometer (interferometer A) because the dispersion compensation is easier.
Two independent interferometers can also be used, but the path length of the two reference arms
has to be matched experimentally first. After the dual interferometer imaging system is built,
one sets the sample arm of the recalibration interferometer such that a few MHz beat signal is
generated. The beat frequency can be adjusted to minimize the noise. Now, mixing the detector
outputs from both interferometers will generate a low-frequency beat signal which is related to
the path difference between the two sample arms. Because the imaging system has a common
reference arm (or the reference arm path length of the two independent interferometers is
matched), a zero beat frequency is generated when the path length of the two sample arms
matches. A low-pass filter then follows to extract the en face image from the plane whose path
length matches that of the recalibration interferometer's sample arm. Of note, the zero beat
frequency is generated at the mixer, not the detector, and therefore the noise problem is
circumvented. Scanning the sample arm of the recalibration interferometer is equivalent to
extracting enface images from different depths.
Figure 17 shows schematics of two possible demodulation electronics. Figure 17A starts
with a typical IQ demodulator which is commonly used in communication to extract the
envelope signal from a carrier amplitude modulated wave. It will be shown later that an IQ
demodulator, which requires an additional mixer and a phase shifter to mix in quadrature, is
necessary. An integrator then follows to get the amplitude of the envelope signal. Figure 17B is
a simplified demodulation electronics. The low-pass filter is replaced directly by an integrator.
Figure 18 is the point spread function simulated by using a mirror as the sample and moving
it along the axial axis. Demodulation electronics depicted in figure 17B is assumed in the
simulation. The addition of an IQ demodulator removes most of the phase dependence except
some superimposed zigzag patterns. The zigzag pattern comes from the fact that perfect n/2
phase shifter required in the IQ demodulator is not feasible because the frequency of the
interferometric signal changes over time. Of note, the two detector outputs always remain phase
locked because they are referenced to each other, given that the dispersion is perfectly
compensated, and hence it seems that the IQ demodulator is not necessary at the first glance.
Phase drift caused by path length fluctuation is still possible, but is accompanied by beat
frequency shift in the swept source system. Due to the limited spectral resolution, a small beat
frequency shift can not be detected and therefore the phase dependence of the point spread
function shows up. Figure 19 shows another artifact coming from the proposed demodulation
method. Due to mixing of two interferometric signals, the spectral bandwidth is effectively
reduced by a factor of NF and the point spread function is widened accordingly. Nevertheless,
it is much better than just using an analog band-pass filter, which is represented by the blue curve,
and should be good enough for the purpose of real-time display.
Another interesting application of the proposed demodulation scheme is the real-time display
of an arbitrary plane within the 3D volumetric dataset acquired by the high speed swept-source
OCT. When the scanning of the recalibration interferometer's sample arm is synchronized with
the 2D raster scanning, a target plane can be selected by adjusting the ratio of the scanning
speeds.
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Figure 1. Axial point spread function of a confocal based optical coherence
microscope. The confocal gate is calculated assuming a 1.3 um light source,
SMF28 fiber, and 0.95 NA objective are used. High NA optics can be used to
produce very thin confocal tissue sections, while relatively weak coherence gating
can be added to improve rejection of unwanted light.
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Figure 2. Optical resolutions with respect to the objective's NA. The transverse
resolution of a standard confocal microscope scales as 1/NA while axial
resolution scales as 1/NA 2 and so there is a region of medium NA where the
transverse resolution is sufficient for cellular imaging but the axial resolution is
not. Addition of a short coherence gate to provide extra axial sectioning can
therefore make cellular imaging possible in this regime.
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Figure 3. Principle of swept source / Fourier-domain OCT. Frequency swept
light that is backscattered from the sample is interfered with light that travels a
fixed reference path delay. The intensity output of the interferometer oscillates at
a beat frequency which is related to the path difference. Axial scan measurements
of backscattering versus delay are measured by Fourier transforming the
interferometer output.
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Figure 4. Schematic of a Fourier-domain mode-locked (FDML) laser. The laser
has a long fiber and a tunable filter which is synchronized to the optical roundtrip
time of light in the cavity. This synchronous operation gives FDML lasers
excellent stability and noise performance and enables high sweep rates over broad
tuning ranges with high output powers. Figure is modified slightly from [39].
III,
1300
wavelength (nm)
1400
100
0.2 0.4 0.6 0.8 1.0
depth (mm)
Figure 5. FDML laser characterization. (A) Spectrum of the laser. (B) Axial
point spread function supported by the laser. The dynamic range is higher than 50
dB. Figure is modified slightly from [40].
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Figure 6. Schematic of the swept source OCM system. FW, neutral density filter
wheel; DC, dispersion compensating glass. Swept source OCM acquires multiple
en face planes and provides a platform for integrating OCT and OCM into a
single instrument. Figure is modified slightly from [40].
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Figure 7. Swept source OCM system characterization. (A) The confocal gate
(red line) and the coherence gate (black line) are measured to be -20 jim and -8
gm, respectively. (B) Transverse resolution is estimated to be -1.6 pgm and the
smallest elements on the USAF resolution chart can be clearly resolved. Figure is
modified slightly from [40].
Figure 8. Extraction of en face images from the 3D dataset. (A) A volumetric
image acquired by the swept source OCM system in -1.5 second. A series of en
face images can then be extracted from the volume digitally. The volume size is
-220 p.m x 220 pm x 220 pm. B-D: Three representative enface images -12 jim
apart in depth extracted from the volume around the focus. Scale bar: 50 jm.
Figure is modified slightly from [40].
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Figure 9. Cartoon showing that online coordination between coherence gate
(black curve) and confocal gate (red curve) is not necessary for swept source
OCM. (A) Time-domain OCM operates when the two gates are matched within a
certain range represented by the dashed green curve. However, there are times
that the two gates become mismatched due to index mismatch or unintentional
fiber stretch and the image quality is degraded. (B) Swept source OCM acquires
signals from all depths covering the entire focal range simultaneously and
therefore the need for coherence and confocal gate coordination is relaxed.
Figure 10. In vivo cellular images of a Xenopus laevis tadpole. (A) and (C) are
OCM images at -200 pm and -400 pm below the surface, respectively. (B) and
(D) are confocal-like images generated by summing the 3D datasets in the axial
direction. Obscuration of detailed cellular structures and loss of contrast in the
confocal-like images are evident. Scale bar: 50 pm. Figure is modified slightly
from [40].
Figure 11. Cellular images of a fixed rat kidney. (A) and (B) are OCM images at
-40 gm and -120 gm below the surface, respectively. (C) Representative
histology stained with H&E. The cell lining along the kidney tubules and nuclei
can be observed. Scale bar: 50 gm. Figure is modified slightly from [40].
Figure 12. Cellular images of a human colonic mucosa ex vivo. (A) OCM image
of a single crypt structure at ~ 100 gm below the surface. (B) Representative
histology stained with H&E. (C) and (D) are OCM images of a different region at
-100 gm and -150 gm below the surface, respectively. Features like round
crypts, goblect cells, epithelium lining the lumen, lymphoid cells in the lamina
propria, and lumen shrinkage over depth can be resolved. Scale bar: 50 gm.
Figure is modified slightly from [40].
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Figure 13. A series of confocal (top) as well as OCM (bottom) images in fixed
rat kidney. Images are acquired when the focus is at -40 gm, -80 jim, and -120
jm below the surface (from left to right). The addition of the coherence gating
helps reject the unwanted, out of focus scattered light and hence the image
contrast in OCM images is higher and cellular details can be delineated more
clearly. Scale bar: 50 gm
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Figure 14. A series of confocal as well as OCM images in human colon ex vivo
when the focus is at -100 gm, -150 jim, and -200 jm below the surface (from
top to bottom). At each focal depth, a series of OCM images with different path
length differences (4 jm step) from the focus are shown. The quality of confocal
gated images degrades much faster than coherence gated images as a fmunction of
focal depth, which is a consequence of coherence gate's better resistance to
aberration and multiple scattering. Scale bar: 50 jm.
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Figure 15. Typical nonlinear sweep of a FDML laser and the corresponding
interferometric signal with a single reflector on the sample arm and the path
difference is set to be AL. Due to the nonlinear sweep, the beat frequency
changes as a function of time and hence it no longer has one-to-one
correspondence with the path difference.
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Figure 16. Possible schematic of a dual interferometer setup with a common
reference arm. The two detector outputs can then be mixed and low-pass filtered
to extract the en face image from the plane whose path length matches that of the
recalibration interferometer's sample arm. Scanning the sample arm of the
recalibration interferometer is equivalent to extracting en face images from
different depths.
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Figure 17. Schematics of two possible demodulation electronics. (A) starts with
a typical IQ demodulator which is commonly used in communication to extract
the envelope signal from a carrier amplitude modulated wave. An integrator then
follows to get the amplitude of the envelope signal. (B) is a simplified
demodulation electronics. The low-pass filter is replaced directly by an
integrator.
axial displacement (um)
Figure 18. The point spread function simulated by using a mirror as the sample
and moving it along the axial axis. The addition of an IQ demodulator removes
most of the phase dependence except some superimposed zigzag patterns.
axial displacement (um)
Figure 19. Point spread functions simulated with direct band-pass filtering (blue
curve) and the proposed scheme (red curve). The proposed scheme improves the
en face extraction ability compared with that of direct band-pass filtering.
Although the achievable axial resolution is -40% wider than the transform limited
resolution, it should be good enough for the purpose of real-time display.
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CHAPTER 3 - Line Scan Optical Coherence Microscopy
3.1 Linnik type Optical Coherence Microscopy
Line scan OCM described in this chapter is fundamentally different from time-domain OCM
and swept source OCM in the sense that it is based on the Linnik interference microscope.
Figure 1 shows a schematic of a typical Linnik interference microscope. Using two identical
objectives in both reference and sample arms, a Linnik interference microscope achieves an
optical sectioning effect similar to that in confocal microscopy, with slightly better light
collection. Instead of a physical pinhole, a synthetic pinhole is formed due to the fact that
appreciable interference signal can be generated only when the phase front of the reflected light
probing the sample matches that from the reference arm, termed as correlation gate [1]. The
correlation gate scales with respect to NA the same way as the confocal gate does and hence it
has been proposed to add the coherence gate to the Linnik interference microscope so that low
NA optics can be used and its robustness to aberration and multiple scattering is improved [2, 3].
The microscope system is generally referred to as full-field OCM and has the advantages of easy
dispersion compensation, low cost, and reduced speckle. Nevertheless, it has a major drawback
of low sensitivity because neither correlation gate nor coherence gate can remove the out-of-
focus light before detection.
3.2 Line Scan Optical Coherence Microscopy
Due to its simplicity and low-cost, full-field OCT/OCM has been widely investigated in
recent years [2, 3, 5, 6]. However, full-field illumination and detection has limited sensitivity
because of the significant amount of incoherence scattered light. Line illumination and detection
reduces incoherent scattered light and pixel cross-talk compared with full-field illumination.
Higher sensitivity is expected and hence line scan OCM has the potential to achieve cellular
imaging in highly scattering tissues. In this chapter, we demonstrate the feasibility of cellular
imaging in highly scattering tissues using line scan OCM.
3.2.1. Motivations
Modification of the full-filed OCM to accommodate line illumination and detection has
several advantages. First, line illumination reduces pixel cross-talk and a weak confocal gate
(FWHM -80 pm) helps reject out-of-focus light. Together the sensitivity can be increased by
more than an order of magnitude. Second, the correlation gate is widened so that gate
coordination is not so critical as it is for full-field OCM [4]. Finally, line detection is less
sensitive to sample motion compared with full-field detection because phase sensitive
information is acquired more rapidly, before significant phase averaging effects can occur.
Unlike confocal type OCM, which has been implemented by raster scanning a tightly focused
beam across the sample [7-9], line scan OCM only requires a single-axis scanning. Although
there has been considerable interest in developing miniaturized fast scanning devices for two-
dimensional scanning in endoscopic microscopy applications [10-14], it remains challenging to
perform precise two-dimensional scanning with small device sizes. Line scan OCM circumvents
the problem not only because a miniaturized high speed single-axis scanner is readily available,
but also due to the fact that complex multiple-lens telecentric relay system is not required to
optimize the optical performance.
3.2.2. System setup and characterization
Figure 2 shows the schematic of the experimental setup. The line scan OCM system was
based on a Linnik type interference microscope with two identical microscope objectives (Zeiss,
10Ox Achroplan, Infinity corrected, NA=0.3, WD=3.1 mm, Water immersion) in the sample and
reference arms. A compact, commercially-available broadband Ti:Sappire laser (FemtoLasers,
Femtosource compactOCT) was used to generate a spectral bandwidth of 80 nm at a center
wavelength of 820 nm. 50 mW average power was coupled into a single mode fiber and
delivered to the interferometer which gave 25 mW incident on the sample. A bulk glass (SF57, 5
cm) is used for stretching the pulse to a few ps so that spectral modulation due to nonlinear effect
in the fiber can be minimized.
Line illumination was achieved by the combination of a spherical focusing lens and a plano-
concave cylindrical lens. The design has the advantage that it does not require focusing with a
cylindrical singlet lens and hence the aberration is less severe. Nevertheless, the aberration is
severe enough to increase the focused line width on the sample (-5 tm) by about a factor of 3
from the theoretical value. The reference arm power was controlled by a neutral density filter,
and a glass blank was used in the sample arm to balance the dispersion. Light from the sample
and reference arms were recombined by the beam splitter and imaged onto a high speed, 1024
pixel line scan CCD camera (Atmel AViiVA M2 CL) with 12 bit A/D range. The interference
signal was modulated by actuating the reference mirror with a piezoelectric transducer (PI,
PL055.30, 2.2pm@100V, Resonant frequency >300 kHz, Blocking force >500 N), using four
integrating-bucket technique with sinusoidal phase modulation to extract the interference
component [3]. Modulation amplitude and synchronization phase between the modulation and
the image acquisition is adjusted experimentally with a mirror as the sample [15]. The 3-step
procedure is: 1. the synchronization phase is adjusted to minimize the image intensity; 2. add 560
to the synchronization phase; 3. the modulation amplitude is adjusted to minimize the spatial
fringe contrast. En face images were generated by transversely scanning the sample orthogonal
to the illumination line with a precision translation stage. A series of enface images at different
depths were also acquired by translating the sample in the axial direction.
The line scan camera was read at -52 Mpixel/s, corresponding to an f = 51.6 kHz line
acquisition rate, while the PZT was sinusoidally actuated at f/ 4 = 12.9 kHz and synchronized to
the camera frame grabber. Typically, 30 line scans from each of the four-quadrant integrating-
bucket (120 total line scans) were averaged to increase the signal-to-noise ratio, and resulted in a
line acquisition speed of 430 lines/second. Each en face image consisted of 256 lines and was
acquired in 0.6 second. The magnification and the scanning speed of the system were chosen
such that the image size is 256x256 pixels over the field-of-view of 256 ptm x 256 ptm. The axial
point spread function of the system was measured by translating a mirror in the sample arm.
Figure 3(a) shows the measured axial resolution of -3 p.m in water. Figure 3(b) shows the
coherence gated enface OCM image of a USAF target in the sample arm. The smallest group 7,
element 6 bars were resolved, indicating a -2 p.m transverse resolution.
The detection sensitivity of the system can be expressed as: S = 2Rref/N = 4Rin,/Ný [3],
where Rref is the reflectivity of the reference arm power, Rine is the proportion of the incoherent
light backscattered by structures within the sample but located outside the coherence volume, N
is the number of images averaged, and 4 is the full-well capacity of the CCD pixels. For optimal
operation, Rref = 2Rin, [3]. Therefore the incoherent scattered light limits the maximum power
applied to the system before the CCD camera saturates and hence limits the detection sensitivity.
For full-field illumination and detection, the typical amount of incoherent scattered light in
biological tissues is- 1% (Rin = 1%) [3]. Line illumination dramatically reduces the amount of
incoherent scattered light compared to full-field illumination due to the reduced illumination
volume outside the coherence volume. Using line illumination, Rinc was measured to be < 0.1%
in the highly scattering medium, more than 10 times smaller than that in full-field OCT.
Therefore a 10 dB higher sensitivity could be achieved using line illumination. Figure 4
compares the sensitivity with different numbers of images averaged (N) for line illumination
versus full-field illumination. The experimental comparison with full-field illumination was
performed by removing the cylindrical lens and adjusting the position of the spherical focusing
lens. By using the same camera, the effect of full-well capacity variations can be eliminated.
The sensitivity was measured by the mirror reflection with calibrated attenuation in the sample
arm. For full-field illumination, an OD = 1 neutral density filter (total attenuation OD = 2) was
used in the reference arm, which gave 1% of returned power in the reference arm (Rref = 1%),
and the system sensitivity with 30 averages was measured to be 83 dB, consistent with
previously published full-field OCT results [3, 6]. For line illumination, the incoherent scattered
light in the highly scattering media is more than 10 times less than full-field illumination. This
suggests it is possible to apply more power in the reference arm (or equivalently to apply more
power in the sample arm before the camera saturates, due to the lower amount of incoherent
scattered light). In the experiment, we used an OD = 1.5 neutral density filter (total attenuation
OD = 3) in the reference arm, which gave Rref = 0.1%. With 30 averages, 93 dB detection
sensitivity can be achieved, demonstrating a -10 dB higher sensitivity compared with full-field
illumination case. The detection sensitivity also increases as more averages are performed until
the effect of mechanical and thermal instabilities shows up and saturates the sensitivity.
3.2.3. Imaging results
Figure 5 shows images and H&E stained histology of a fixed rat kidney. Figure 5(a) and 5(b)
were acquired when the focus is at -40 tm and -120 tm below the surface, respectively. The
cell lining along the kidney tubules is readily visible and small regions of bright reflectivity,
consistent with nuclei, can also be observed in the images. Figure 6 shows images of pig
intestine ex vivo. Specimens were preserved in the phosphate-buffered saline (PBS) and imaged
within a few hours after excision. During the imaging, PBS was used with the immersion
microscope objective to maintain tissue hydration and facilitate index matching. Figure 6(a) and
6(b) were taken near the surface (50 pgm and 100 pgm, respectively) and villi structure
characteristic of small intestine is clearly depicted. Epithelial cells can also be identified in the
images. Figure 6(c) and 6(d) were taken at deeper depths (200 pm and 250 pgm, respectively)
and crypt structures begin to show up. Cells lining the crypt can also be observed.
Figure 7 shows representative images of a human colon specimen ex vivo. An en face image
at 100 pm below the surface is shown in Figure 7(a). Detailed structures such as the crypt
lumens, the epithelial layer, and lamina propria were clearly visualized. Individual goblet cells
containing translucent mucin could be seen within the epithelial layer. The image demonstrates
the high-resolution, cellular level imaging capability of the line scan OCM. After imaging,
specimens were fixed in formalin and processed for histology. In addition to the standard cross-
sectional plane, sectioning was performed in the en face plane to facilitate comparison to the
OCM image plane. Histology is representative because exact registration of the histological
section to the area of OCM imaging and especially the depth of the section are difficult.
Representative enface histology stained with H&E is shown in Figure 7(c).
Three-dimensional imaging was performed by acquiring a stack of en face images when
translating the sample in depth. A total of 80 en face images with 5 pgm depth interval were
acquired in 48 seconds with a frame rate -2 Hz. With intensity threshold segmentation, lower
scattering structures including crypt lumen (CL) and mucin-containing goblet cells were
segmented. A three-dimensional view of a single crypt lumen is shown in Figure 7(b). The
crypt lumen (CL) was visualized to almost its full depth, with individual goblet cells surrounding
the crypt lumen. The lumen diameter decreases as the sectioning depth increases into the
mucosa. A representative cross-sectional histology is shown in Figure 7(d).
3.2.4. Summary
This study demonstrates a line-scanning optical coherence microscopy (OCM) system. A
spatial resolution of- 2 pm x - 3 pm (transverse x axial) was achieved. The sensitivity with 30
averages was measured to be 93 dB, giving an imaging speed of -2 frames per second. The
imaging speed could be doubled to - 4 Hz by using two integrating-bucket demodulation [16].
Compared with full-field OCM, line scan OCM has the disadvantage of requiring expensive laser
or SLD light sources versus low-cost thermal light sources. However, line illumination reduces
the amount of incoherent scattered light and pixel cross-talk in scattering tissues and therefore
achieves higher detection sensitivity compared with full-field illumination. The use of line scan
cameras also promises to enable in vivo imaging by reducing sensitivity to sample motion
compared with full-field camera detection because phase sensitive information is acquired
rapidly before significant phase averaging effects can occur. Line scan endoscopic OCM would
require techniques for line illumination and detection, but compared with standard point
scanning OCM, it has the advantage of requiring only one dimensional scanning.
3.3 Future Work
3.3.1. Camera
Dubois et al. has shown that the system sensitivity is proportional to the camera's full-well
capacity (FWC) [3]. The camera we used for this study has only 180 ke FWC, typical of silicon
camera, and averaging of 30 frames is necessary to achieve 93 dB sensitivity. An InGasAs
camera, in general, has FWC an order of magnitude higher than silicon camera and Oh et al. has
shown that full-field OCM using InGaAs camera has superior performance [6]. Use of InGaAs
camera also enables the operation at longer wavelength to reduce scattering. Goodrich's new
model, SUI SU-LDH-1.7RT/LC, offers FWC of 125 Me and readout noise less than 25 ke.
Sensitivity of >95 dB can be supported by the camera without the need for averaging.
3.3.2. Achromatic Cylindrical Lens Design
As mentioned in the section 3.2.2, aberration of the cylindrical lens increases the focused line
width on the sample by about a factor of 3. It not only reduces the system sensitivity by
increasing the incoherent light, but aslo lowers the light collection efficiency. Design of
diffraction limited cylindrical lenses can help improve the system performance. Figure 8 shows
the design of the focusing cylindrical lens. In combination with the current 10x objective, a 1.7
tm and 700 pm line focus is anticipated and confirmed by the Zemax simulation.
A lens system that provides different magnification in x (scanning, orthogonal to the line
focus) and y (parallel to the line focus) axes is preferable but not feasible in this study because it
requires combination of diffraction limited cylindrical lenses. Of note, Nyquist sampling
criterion is satisfied differently in the two axes. For x axis, scanning speed is the key parameter
that is used to meet the criterion. The magnification, on the other hand, is set to optimize the
light collection efficiency and the confocal gating power. The situation is different for y axis
because the magnification is the only parameter that can be chosen to meet the criterion. For a
typical camera which has square pixel elements, it means that M!- = 2 is required to optimize theM
typical camera which has square pixel elements, it means that -f = 2 is required to optimize the
light collection efficiency and satisfy Nyquist sampling criterion at the same time. Nevertheless,
the design will suffer from loss of confocal gate. As a compromise, a lens system which
provides a magnification ratio of-1.6 is designed and shown in figure 9.
3.3.3. Demodulation Method
The demodulation method we used for this study follows the one proposed by Arnaud
Dubois and the performance is well described in Ref [15]. The four integrating-bucket technique
with sinusoidal phase modulation has the unique advantage that the modulation frequency can be
as high as several tens of kHz and so it permits high speed imaging. Nevertheless, sinusoidal
modulation is not desirable when the PZT actuator is used to mechanically modulate the phases.
It is well known that PZT exhibits hysteresis (see figure 10) and hence any bi-directional
modulation such as sinusoidal modulation will generate phase shift errors and eventually lower
the sensitivity. Either the use of a sawtooth modulation or a closed loop system can solve the
problem but none of the method works at high frequency.
In this study, each line is modulated and demodulated individually and then all the line
images are combined to form an en face image. If we want to have an image with 512 lines and
an imaging speed of 30 Hz, a PZT modulation frequency of 15 kHz (512x30) is required.
Another method is collect lines to form images before demodulation. The method seems trivial,
but it does not work with Dubois' algorithm because of its dependence on synchronization phase
[15]. Figure 11 shows the simulation result. The colored blocks represent the integration
buckets required for demodulation. The synchronization phase changes for different line
quadruplets and it is clear that the demodulation is unsuccessful in some regions (red square).
Figure 12 shows a diagram of the proposed modulation method. A triangular waveform
(black curve) with amplitude of 2.5r is used to modulate the phases. Linear phase modulation
has the advantage that synchronization phase plays no role. The modulation frequency is only
half of the imaging speed. If we want to have an imaging speed of 30 Hz, the required
modulation frequency is only 15 Hz and a closed loop PZT actuator system can be used to
further minimize the phase shift errors. The dashed curve represents the line scanning waveform
and the scan rate has to be increased by a factor of five, the number of required buckets. Of note,
a line scan OCM with this method is very similar to a full-field OCM with a progressive scan
area camera, which captures a frame line by line, except that the confocal gate and the pixel
cross-talk reduction are still present.
The proposed method has a major disadvantage that the corresponding line in the next
integration bucket is acquired after the acquisition of all lines in the first bucket and therefore the
phase correlation between the corresponding lines is not as high as that using the current method.
The effect can be considered equivalent to perturbations of the phase shift increment. The choice
of Hariharan algorithm (Figure 11) is justified because of its extreme robustness to errors [17].
3.4 Preliminary Comparison between Three OCM Imaging Systems
Table 1 summarizes some important parameters as well as the performance of the three OCM
systems running in our laboratory. So far, time domain OCM system provides the best quality
imaging results. Nevertheless, it is possible to further improve the two other OCM systems as
mentioned in chapter 2 and this chapter. It is worthwhile at this point to compare the two other
OCM systems with the time domain OCM and try to evaluate their potentials.
Figure 13 is an OCT image of a hamster cheek pouch ex vivo. Specimens were preserved in
the Dulbecco's modified Eagle's media and imaged within two hours after excision. Details
about the animal handling can be found in the appendix. For the following OCM comparison,
images will be taken at the epithelium, lamina propria, and muscularis mucosa. Figure 14-16
shows the representative images taken with three different OCM systems. The colormap of all
the following images are black-on-white, meaning that scatterers like the nucleus will appear
dark in the images.
Although epithelial cells can be discerned in all systems, the contrast in swept source system
is evidently lower. This is understandable since swept source OCM so far provides the worst
sectioning ability. Figure 17 shows a better comparison between swept source OCM and time
domain OCM. Figure 17(a) is a time domain image and epithelial cells can be clearly delineated.
To mimic the worse sectioning ability of swept source OCM, three OCM images at different
depths are averaged and the result is shown in figure 17(b). Loss of contrast is evident and there
is not much difference from the image taken with swept source OCM, which is shown in figure
17(c). As mentioned in chapter 2, we have recently developed FDML lasers with tuning ranges
of -160 nm using specially matched semiconductor optical amplifiers (SOA) and it suggests that
axial resolutions can be improved to -5 gm. Further improvement of the tuning range of FDML
lasers is possible by combining two or more SOA gain stages inside the laser cavity. This
approach is similar to multiplexing techniques used in photonics to increase bandwidths. A
coupler is placed in the cavity to divide the light into two parallel paths containing two SOA's
with shifted center wavelengths. The amplified outputs are recombined in a second coupler,
increasing the total bandwidth by a factor of 2.
Line scan OCM shows images comparable to time domain OCM in superficial layers such as
epithelium and lamina propria. However, due to the higher scattering at 800 nm and the lower
system sensitivity, the images at deeper layers such as muscularis are worse. As mentioned
previously, the system sensitivity can be increased by use of a camera with higher FWC,
achromatic cylindrical lenses, and a more robust demodulation scheme. Figure 18 shows a better
comparison between line scan OCM and time domain OCM. Interestingly, it is evident that line
scan OCM has less speckle. The difference between resolutions is so small that it is unlikely to
be the cause. Most likely it is because line scan OCM performs parallel detection and hence the
pixel dwell time is longer than time domain OCM. Time averaging leads to the reduction of
speckle noise.
It is worthwhile to mention the analogy between Fourier domain detection and line scan
detection. It is helpful to refer back to figure 8 in chapter 1. For applications which require fast
acquisition of cross-section images, Fourier domain detection has the advantage that it probes
different depths in parallel and hence higher imaging speed can be achieved [18-20]. However,
for applications which emphasize en face images like most OCM, there is no inherent advantage
of Fourier domain detection compared with time domain detection [9]. For these applications,
line detection plays the role of parallel detection. Since time domain OCM does not have too
much trouble with imaging speed, it is unlikely that people will use the parallel detection to
further increase the imaging speed. Rather, the longer pixel dwell time can help reduce the
speckle noise, which is destructive for coherence microscopy.
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Figure 1. Schematic of a typical Linnik interference microscope. Using two
identical objectives in both reference and sample arms, a Linnik interference
microscope achieves an optical sectioning effect similar to that in confocal
microscopy, with slightly better light collection.
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Figure 2. Schematic of the line scan OCM system for cellular imaging. CL,
cylindrical lens; ND, neutral density filter; DC, glass plate for dispersion
compensation; PZT, piezoelectric transducer; LSCCD, line scan CCD camera. A
compact, commercially-available broadband Ti:Sappire laser was used to generate
a spectral bandwidth of 80 nm at a center wavelength of 820 nm. The focal
length of the lenses are fl = 50 mm, f2 = 150 mm, fCL = -80mm, f3 =200 mm.
Figure is modified slightly from [21].
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Figure 3. Line scan OCM system characterization. (A) Measured axial point
spread function with -3 pm FWHM in water. (B) Image of a USAF resolution
target demonstrating a transverse resolution of -2 pm. Figure is modified slightly
from [21].
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Figure 4. Comparison of system sensitivity versus the number of averages (N)
using line illumination (Rref = 0.1%) and full-field illumination (Rref = 1%).
Line illumination (red triangles) achieves - 10 dB higher sensitivity than full-field
illumination (blue diamonds) for a given averaging number. Dotted lines indicate
the theoretical values. Figure is modified slightly from [21].
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Figure 5. Cellular images of a fixed rat kidney. (A) and (B) are OCM images at
-40 p.m and -120 p.m below the surface, respectively. (C) Representative
histology stained with H&E. The cell lining along the kidney tubules and nuclei
can be observed. Scale bar: 50 p.m.
Figure 6. Images of pig intestine ex vivo. A and B were taken near the surface
(50 p.m and 100 pm, respectively) and villi structure characteristic of small
intestine is clearly depicted. Epithelial cells can also be identified in the images.
C and D were taken at deeper depths (200 pm and 250 p.m, respectively) and
crypt structures begin to show up. Cells lining along the crypt can also be
observed. Scale bar: 50 p.m.
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Figure 7. Cellular images of human colon specimen ex vivo. (A) OCM image of
crypt structures at - 100 pm below the surface. (B) 3D rendering with low-
scattering crypt lumen (CL) and goblet cells (red arrows) segmented out. (C)
Representaitve en face histology of the colon. (D) Corresponding cross-section
histology showing crypts lumen (CL) and goblet cells (red arrows). Scale bar: 50
pm. Figure is modified slightly from [21].
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Figure 8. Design of the focusing cylindrical lens and the Zemax simulation
results. (A) Material, thickness, and surface curvature of the lens which has an
192.7 mm back focal length. (B) Analysis of chromatic aberration. The
maximum focal shift is only one fourth of the depth-of-focus and good
achromatism is demonstrated. (C) Spot diagram at the focus. The black line
represents the Airy disk and the fact all the ray tracing points locate within it
indicates that the diffraction limited line focus is achievable. Three wavelengths
are used in the simulation: 750 nm (blue), 800 nm (red), and 850 nm (green).
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Figure 9. Design of the lens system that provides different magnification in x
and y axes and the Zemax simulation results. (A) Simulation model. (B)
Material, thickness, and surface curvature of the first lens which has a -145 mm
back focal length. (C) Material, thickness, and surface curvature of the second
lens which has a 98.4 mm back focal length. (D) Spot diagram at the focus. The
black line represents the Airy disk and a magnification ratio of 1.56 is
demonstrated. The fact all the ray tracing points locate within it indicates that the
diffraction limited line focus is achievable. Three wavelengths are used in the
simulation: 750 nm (blue), 800 nm (red), and 850 nm (green). (E) Analysis of
chromatic aberration. The maximum focal shift is only one seventh of the depth-
of-focus and good achromatism is demonstrated.
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Figure 11. Simulation result showing that Dubois' algorithm fails when lines are
collected to form an image before demodulation. (A) Modulation scheme. The
black curve is the sinusoidal phase modulation and the dashed curve is the
scanning waveform. The modulation depth is 4.9 rad. The colored blocks
represent the four integration buckets required for demodulation. The red and
black lines within the colored blocks represents two quadruplets with different
synchronization phases. (B) Demodulation result. Due to the different
synchronization phases, the two quadruplets result in a successfully demodulated
line (black arrow) and an unsuccessfully demodulated line (red arrow).
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Figure 11. Simulation result of the proposed method. (A) Modulation scheme.
The black curve is the triangular phase modulation and the dashed curve is the
scanning waveform. The modulation depth is 2.5t. The colored blocks represent
the five integration buckets required for demodulation. Hariharan algorithm is
chosen because of its strong robustness to errors. (B) Demodulation result.
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TD-OCM System
Specifications
Coupled power from laser ~ 44 mW
OCM sample power: -10 mW
Sensitivity: 98 dB
Center wavelength: - 1075 nm
Bandwith (FWHM): ~ 140 nm
Axial resolution: ~ 3.8 gam
Transverse resolution: ~ 1.7 jipm
FOV: - 390 x 390 pm2
Frame rate: 2 Hz
Image size: 500 x 750 pixels
SS-OCM System
Specifications
Coupled power from laser: ~ 12 mW
OCM sample power: -1.5 mW
Sensitivity: 98 dB
Center wavelength: - 1290 nm
Bandwith (FWHM): - 90 nm
Axial resolution: - 8 pm
Transverse resolution: - 1.6 Ipm
FOV: - 200 x 200 mim2
Frame rate: -1 Hz
Image size: 256 x 256 pixels
LS-OCM System
Specifications
Coupled power from laser: - 90 mW
OCM sample power: -25 mW
Sensitivity: 92 dB
Center wavelength: ~ 820 nm
Bandwith (FWHM): - 80 nm
Axial resolution: - 3 pm
Transverse resolution: ~ 2 Pm
FOV: - 250 x 250 pm2
Frame rate: ~ 2 Hz
Image size: 250 x 250 pixels
Table 1. Comparison of the three OCM systems.
Figure 13. OCT image of a hamster cheek pouch ex vivo. Layered structure is
clearly delineated. e, epithelium; lp, lamina propria; ml, superficial muscle layer;
c, collagen-rich connective tissue; m2, deep muscle layer.
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Figure 14. Time-domain OCM images of a hamster cheek pouch ex vivo. e,
epithelium; lp, lamina propria; ml, superficial muscle layer. Scale bar: 100 p.m.
Figure 15. Swept source OCM images of a hamster cheek pouch ex vivo.
epithelium; lp, lamina propria; ml, superficial muscle layer. Scale bar: 50 p.m.
'RK V,-
Figure 16. Line-scan OCM images of a hamster cheek pouch ex vivo.
epithelium; lp, lamina propria; ml, superficial muscle layer. Scale bar: 50 gm.
Figure 17. Comparison between swept source OCM and time domain OCM. (A)
Epithelial cells can be clearly delineated in the time-domain OCM image. (B) To
mimic the worse sectioning ability of swept source OCM, three time-domain
OCM images at different depths are averaged and the result is shown. Loss of
contrast is evident and there is no much difference from the image taken with
swept source OCM, which is shown in (C). Scale bar: 50 gm.
Figure 18. Comparison between line-scan OCM and time domain OCM. A-C:
Time domain OCM images at epithelium, lamina propria, and superficial muscle
layer. D-F: Line-scan OCM images at epithelium, lamina propria, and superficial
muscle layer. Line-scan OCM shows images comparable to time domain OCM at
shallow depth. Line-scan OCM has less speckles due to the time averaging effect.
Image quality at deeper depth is considerably worse due to the higher scattering
and lower system sensitivity. Scale bar: 50 gm.
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CHAPTER 4 - Summary
In summary, two novel designs for OCM systems, line-scanning optical coherence
microscopy (LS-OCM) and swept source optical coherence microscopy (SS-OCM), are
demonstrated. While time domain OCM so far provides the best imaging speed and quality, the
two other techniques both have significant advantages.
SS-OCM is in essence swept source OCT with high numerical aperture optics. As such, it
provides full three-dimensional volume acquisition within the confocal gate, which will allow
multiple sections to be taken around the focal plane. The volumetric scan should make possible
new approaches to compensate for shifts between the confocal and coherence gate and may
enable volumetric as well as single slice cellular imaging. Since the technique shares the same
principle as 3D-OCT, it will also facilitate combined state-of-art OCT and OCM imaging
systems. Compared with previous implementations of time domain OCM, SS-OCM offers
simplification in reference arm optical design at the expense of increased complexity in the
detection electronics and need for increased computing power.
LS-OCM is a variation of full-field OCM, another emerging technology due to its simplicity
and low-cost. Modification of the full-filed OCM to accommodate line illumination and
detection has several advantages. First, line illumination reduces pixel cross-talk and a weak
confocal gate helps reject out-of-focus light. Together the sensitivity can be increased by more
than an order of magnitude. Second, the correlation gate is widened so that gate coordination is
not critical as it is for full-field OCM. Finally, line detection is less sensitive to sample motion
compared with full-field detection because phase sensitive information is acquired more rapidly,
before significant phase averaging effects can occur. Compared with confocal based OCM, LS-
OCM requires only a single axis scanner in the sample arm and hence might facilitate the
development of miniaturized probes for endoscopic applications.
SBuilding on our recent advances in OCM system design, the future work will be focused on:
1) To develop a forward-scanning OCM probe to enable cellular level endoscopic imaging in the
GI tract. 2) To develop an integrated OCM and OCT research microscope to enable
comprehensive architectural and cellular level volumetric imaging in clinical pathology lab
studies.
Endoscopic OCM will address some key limitations of current confocal endomicroscopy
techniques: 1. OCM probes can be designed with a larger field of view and increased imaging
depth compared with confocal microscopy. 2. OCM uses combined confocal and optical
coherence gating to image with enhanced penetration depth. 3. OCM images reflected light and
does not require application of exogenous fluorescent dyes. In addition, OCM can leverage
existing scanning probe technologies developed for confocal and multiphoton endoscopy.
Therefore OCM offers a novel and powerful approach to endoscopic cellular imaging by
combining advantages and technology from confocal microscopy and OCT.
Development of a flexible, small diameter endoscopic probe capable of cellular resolution
imaging will be a major advance that promises to greatly improve current endoscopic techniques
for early cancer detection as well as to expand the scope of applications for optical biopsy.
Many research groups, including those in industry, are now actively developing endoscopic
probes for OCT, confocal microscopy, and multiphoton microscopy. As a result, miniaturized
optics, including microscope objectives, are now becoming available. Furthermore, a number of
promising solutions to the challenging problem of two-axis scanning have been demonstrated.
PZT actuation is very efficient in transforming electrical energy to mechanical energy, and
therefore is especially attractive for high speed miniaturized scanning. We will investigate both
the four-PZT actuator and the four-quadrant PZT device as previously described in the
multiphoton microscopy literature [1, 2]. GRIN lenses have the advantage of small size and
ready availability and hence will be used as the miniaturized near-infrared microscope objectives.
We will also investigate focusing using suction techniques as previously described in confocal
microscopy literature [3]. Application of mild suction between the objective and the tissue
stabilizes the tissue and adjusts the focal depth. Suction can be accomplished as part of the
device itself, or alternately, as part of an additional cap that is applied to the endoscope head
similar to the caps currently used for endoscopic mucosal resection. The probes will have a
waterproof sheath and will be designed to fit the working channel of standard endoscopes.
High imaging speeds allow rapid survey of large areas on tissue samples as well as increased
throughput of tissue samples in an imaging study. In addition, high speed allows multi-frame
averaging or acquisition of high pixel density images, which can be used to improve image
quality or reduce speckle. Finally, high speed imaging allows visualization of dynamic
processes such as blood flow. We will develop a bench-top, research microscope capable of
imaging at video rate that can be used in pathology laboratory studies. The microscope will be
constructed using high-speed resonant scanners which allow raster line scan rates of 5-10 kHz
and higher. The microscope will be equipped with variable magnifications through use of an
objective lens turret similar to those used in standard bench microscopes. The use of high and
low magnifications will allow combination of video-rate OCM and high-speed, swept source
OCT in the same microscope. This imaging system will provide a comprehensive database of
co-registered architectural and cellular level imaging of tissue samples. Such database for
references has been proved to be extremely useful for histology, MRI, and CT communities.
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APPENDIX
1. Sample preparations
The necessary animal and human studies protocols will be filed under accordance with
MIT CAC and COUHES regulations.
-Xenopus laevis tadpole
1. 10-20 tadpoles will be housed in a 3 gallon standing water tank in our lab. They will
be fed twice a week with tadpole powder purchased from Xenopus Express. The
tank will be checked five hours after feeding and any uneaten food will be siphoned
off to keep the water clear. Approximately 25% of the water will be changed once a
week.
2. Five minutes prior to imaging, the tadpole will be anesthetized by immersion in
0.05% Tricane. We will achieve a depth of anesthesia in which the tadpole exhibits
no gross movements for the purpose of imaging. All other body functions shall
remain normal.
3. Imaging will be performed with the tadpole in water.
4. After imaging, the tadpole will be euthanized by immersion in 0.05% Benzocaine
for 30 min followed by freezing at -20 'C. They will then be incinerated by the MIT
DCM.
-Syrian golden hamster cheek pouch
1. Adult male Syrian hamsters (100 to 120 g) will be housed in the arranged MIT
animal facility and fed laboratory chow and water ad libitum.
2. Ten minutes prior to imaging, the hamster will be euthanized following the AVMA
guidelines for euthanasia through CO 2 gas inhalation in MIT animal facility. The
hamster will then be brought back to our lab and trained personnel will excise the
cheek pouch.
3. Imaging will be performed with the hamster cheek pouch immersed in phosphate-
buffered saline.
4. After imaging, the carcass will be brought back to the arranged animal facility.
They will then be incinerated by the MIT DCM.
-Fixed rat kidney
1. The fixed rat kidney samples are provided by Professor Peter M. Andrews from the
Georgetown University and stored in the refrigerator.
2. Imaging will be performed with the specimen in water.
3. After imaging, the specimen will be put back in the refrigerator.
-Excised human tissue
1. The fresh excised human tissues will be provided by Dr. James Connolly from the
Beth Isreal Deaconess Medical Center and immersed in either phosphate-buffered
saline or Dulbecco's Modified Eagle's Medium.
2. Imaging will be performed with the specimen immersed in phosphate-buffered
saline.
3. After imaging, the specimen will be fixed in 1% formaldyhyde and processed for
histological comparison with the acquired images.
